1. Introduction {#sec1}
===============

Orthopedic biomaterials are commonly used in rehabilitation and reconstructing the mobility of millions of patients [@bib1], [@bib2] and recently, biodegradable materials have attracted much interest in orthopedics due to their degradability [@bib3], [@bib4], [@bib5]. Biodegradable orthopedic materials (BOMs) include metals such as magnesium (Mg) alloys [@bib6], polymers [@bib7], ceramics [@bib8], and composites. The mechanical properties of bone fixation implants must be adequate and match those of bone or tissues, otherwise early implant failure, secondary fracture, and other deleterious effects such as inflammation may occur.

Although the properties of BOMs is generally related to the microstructure and alloying elements [@bib6], [@bib9], [@bib10], [@bib11], [@bib12], [@bib13], [@bib14], [@bib15], the external physiological environment, especially stress and corrosive media, affects the behaviors as well. *In vitro* and clinical investigations have revealed the combined effects of stress and corrosion in early implant failure [@bib16], [@bib17], [@bib18], [@bib19]. For example, nearly 90% of the surface fracture on Ti-6Al-4V cementless hip prosthesis is caused by the combined effects of dynamic cyclic stress and corrosive media [@bib20]. Tissue healing is sensitive to the implant properties which can be altered by the external environment and so it is important to study and understand the performance of BOMs under stress and in a corrosive medium. In this paper, recent progress in this area is reviewed in order to provide insights into the role of external stress in the degradation of BOMs and design of new orthopedic biomaterials.

2. Physiological stress {#sec2}
=======================

In order to understand the influence of external stress on BOMs, the physiological load modes are first described. Physiological stress *in vivo* varies with the activities, bone dimensions, and locations [@bib21], [@bib22], [@bib23], [@bib24] and multiple types of load may affect the activity [@bib25], [@bib26], [@bib27], [@bib28]. [Table 1](#tbl1){ref-type="table"} shows the physiological load modes and magnitude for different activities. During normal walking, the peak axial compression force at the femur is about 1.12 body weight (BW) and the maximum bending moment is about 5 BW·cm [@bib25]. Different walking speeds lead to different peak values. For example, the peak axial force when jogging is about 1.29 times that of normal walking [@bib26]. The strain of bones under different activities is about 400 × 10^−6^ ∼ 2000 × 10^−6^ [@bib22], suggesting the stress would be 0.8 Mpa--40 MPa for bones (considering the elastic modulus of the bone is 20 GPa). Furthermore, the load modes are different for different activities and bone types [@bib27], [@bib28]. Loadings are dynamic and the frequencies are different. For example, the frequency is 1--3 Hz during normal walking and goes up to 9--20 Hz during running [@bib29].Table 1Physiological load mode and magnitude of bones for different activities.Table 1AuthorsBonesActivitiesPeak values of loadsDuda et al. [@bib25]FemurWalkingAxial force: ∼1.12 BW\
Bending moment: ∼5 BW·cmTaylor et al. [@bib26]FemurJoggingAxial force: ∼3.6 BWBending moment:\
8.5--9.8 BW·cm (antero-posterior axis)\
4.7--7.6 BW·cm (medio-lateral axis)\
Axial torque: 0.2--1.3 BW·cmStair descendingAxial force: ∼3.1 BWWalkingAxial force: ∼2.8 BWTreadmill walkingAxial force: ∼2.75 BWStair ascendingAxial force:∼2.8 BWTaylor et al. [@bib27]FemurWalking (0.99--1.51 m/s)Axial force:∼2.5 BW\
Shear force: 0.4--0.54 BW\
Axial torque:7 N mAscending stairsAxial Force: ∼2.5 BW\
Axial torque:6.2 N mDescending stairsAxial Force: ∼2.81 BW\
Axial torque:7.3 N mRising from the chairAxial Force: 2.09 BW\
Axial torque:7.9 N mWehner et al. [@bib28]TibiaGaitAxial force: ∼4.7 BW\
Bending moment in the sagittal plane: ∼7.16 BW·cmGruber et al. [@bib29]TibiaRearfoot runningImpact shocking frequency: 9--20 HzForefoot runningImpact shocking frequency: 3--8 Hz

The effects of physiological stress on bone formations have been studied [@bib30], [@bib31], [@bib32], [@bib33]. Generally, it is believed that dynamic stress can promote the formation and growth of bones, whereas static stress does not impose such effects. In fact, the study by Robling et al. [@bib34] suggests that static loads suppress normal bone growth and the effects are different from those arising from dynamic stress. In another study [@bib35], loads are applied on a porous coated implant based on the turkey ulna model and the effects of different dynamic loads on the bone ingrowth are studied. The results reveal that principal tensile or compressive strain is more important to bone adaptation, whereas shear strain has little effects. In this respect, dynamic compression, tension, and bending benefit bone healing. Thus, the behaviors of the implant materials under the stress condition, especially the dynamic stress condition, are significant for the implants.

3. Response of biodegradable metals to external stress {#sec3}
======================================================

Biodegradable metals especially Mg alloys are considered next-generation metallic biomaterials [@bib36]. As orthopedic biomaterials, Mg alloys have the following advantages [@bib4], [@bib37], [@bib38]:(i)Mg alloys have a similar density and elastic modulus as human bones compared to conventional biometals such as stainless steel and Ti alloys.(ii)Mg is essential to human metabolism being a cofactor for many enzymes.(iii)The standard electrode potential of Mg at 25 °C is −2.37 V~nhe~ and Mg and Mg alloys can naturally degrade *in vivo*.

However, Mg alloys tend to degrade too rapidly in the physiological environment, especially under physiological stress [@bib39], [@bib40] and hence, it is critical to understand the degradation behavior of Mg alloys under various types of mechanical stress as well as in different corrosive media.

3.1. Stress-assisted degradation (SAD) {#sec3.1}
--------------------------------------

Many studies suggest stress would influence the degradation rate of magnesium alloys [@bib41], [@bib42], and this effect is denoted as the stress-assisted degradation (SAD) in this paper. It is reported that under cyclic loading, the corrosion rate of the die-cast AZ91D alloy in simulated body fluid (SBF) would be 7--8 times that in static SBF, while the corrosion rate of the extruded WE43 alloy is 4--12 times that in static SBF [@bib43]. Studies based on electrochemical results [@bib44], [@bib45] suggest SAD is related to the magnitude of the applied stress. When the stress is below the yield strength of the Mg alloys, the degradation rate goes up with increasing applied stress. When the stress increases to above the yield strength, the anodic current density of the Mg alloys varies at dynamic recovery [@bib44] as a function of the level of the plastic deformation [@bib45] as shown in [Fig. 1](#fig1){ref-type="fig"}.Fig. 1Anodic currents in the active state and stress as a function of strain [@bib45]: (a) AM50 and (b) AZ91D.Fig. 1

Generally, the increased degradation rates due to SAD can be explained depicted as follows and illustrated in [Fig. 2](#fig2){ref-type="fig"}:(i)Mechanochemistry - The stress applied to Mg alloys increases the internal surface energy and area and decreases the coherence energy of the solid [@bib46]. Consequently, the activation energy of degradation increases thereby leading to accelerated degradation.(ii)Film cracking - During degradation, a hydroxide layer forms on the surface. However, it is unstable and external stress promotes initiation and propagation of microcracks in the layer [@bib47] to exposing the Mg alloy substrate locally. The potential difference between the cathodic film and exposed Mg alloy substrate forms an electrochemical cell resulting in rapid degradation [@bib48].Fig. 2Schematic illustrating the mechanism of the stress-assisted degradation of Mg alloys [@bib46], [@bib47], [@bib48].Fig. 2

3.2. Stress corrosion cracks (SCC) {#sec3.2}
----------------------------------

Stress corrosion cracks (SCC) are particularly dangerous and complicated for Mg alloys. In particular, the magnesium alloy implant becomes embrittlement when subjected to external stress in the physiological environment. This sudden failure poses serious consequences ranging from tissue inflammation to removal of the failed implant [@bib49]. *In vitro* results suggest that Mg alloys are more susceptible to SCC in the simulated physiological environment than air [@bib50], [@bib51], [@bib52]. For example, aluminum-free magnesium alloys show obvious reduction in the ultimate tensile strength and elongation to failure in SBF compared to experiments conducted in air [@bib52]. The SCC is considered to be related with the corrosion pitting. During immersion, the pitting depth increases under tensile stress and when a pit reaches a critical size, SCC is initiated due to the localized stress concentration SCC [@bib49], [@bib51]. Under a constant load, the stress increases with degradation and crack propagation, whereas in the constant displacement tests, the stress decreases due to the creep. In this respect, Mg alloys may be more susceptible to SCC under a constant load than constant displacement [@bib53].

Moreover, the films formed during the degradation would influence the SCC. The study [@bib54] about the SCC susceptibility of sand-cast AZ91 magnesium alloy in m-SBF shows SCC susceptibility is not substantial during the immersion. It is believed that this would be attributed to the hydroxyapatite film which shows faster regrowth than cracks propagate.

Hydrogen release and accumulation during Mg degradation may be detrimental to biomedical applications and in addition to the local basicity, the hydrogen bubbles may be trapped between the implant and tissues [@bib3]. In fact, it has been demonstrated that hydrogen deteriorates the performance of Mg alloys by enhancing SCC [@bib55], [@bib56]. During degradation, hydrogen generated at the tip of a propagating crack reduces the cohesive strength of the magnesium alloy causing hydrogen embrittlement [@bib55], [@bib56].

3.3. Corrosion fatigue (CF) {#sec3.3}
---------------------------

Fatigue fracture is common in engineering metals subjected to cyclic loading and in a corrosive environment, the fatigue strength of the metal is reduced. There are five fatigue crack growth modes as shown in [Fig. 3](#fig3){ref-type="fig"} [@bib57]. It could be seen that under the combined effects of stress and corrosive media, fatigue cracks propagate faster. Corrosion fatigue (CF) is of primary concern for metallic implants which commonly bear cyclic dynamic loads *in vivo*. The initial fatigue crack frequently occurs at the stress concentration area and manufacturing defects in the metallic devices such as holes, pits, and notches [@bib39], [@bib49]. Inclusions and corrosion pits may also be the crack initiation sites [@bib43], [@bib58], [@bib59]. Gu et al. [@bib43] have performed corrosion fatigue tests on AZ91D and WE43 in air and simulated body fluid (SBF). The fatigue strength shows significant reduction in SBF and fatigue cracks are initiated from the micropores in air and from corrosion pits in SBF, respectively. The corrosion pit propagation rate is influenced by the amount of stress, frequency, and cycle number [@bib58], [@bib59], [@bib60], [@bib61]. Based on the assumption that fatigue cracks are initiated at the corrosion pit, the pit growth rate can be determined by the following formula [@bib62]:$$\text{D} = \text{Aσ}\left( \text{N/f} \right)^{1/3}\text{;}$$where D is the pit depth, A is a constant calculated from the experiment, σ is the stress magnitude, N is the cycle number, and f is the frequency. A larger stress, smaller frequency, and larger cycle number increase the pit depth and therefore, it is important to conduct corrosion fatigue tests of biodegradable metals under actual dynamic cyclic loading conditions.Fig. 3Five types of fatigue crack growth behavior [@bib57].Fig. 3

3.4. Factors influencing the effects of stress and corrosion {#sec3.4}
------------------------------------------------------------

There are many factors influencing the response of Mg implants to physiological stress, e.g. shape and geometry, alloying elements, and so on [@bib12], [@bib63]. Corrosion pitting is commonly initiated from sharp contours [@bib49], [@bib64] and alloying elements induce galvanic corrosion. It is well known that the sharp contours or the galvanic corrosion mainly causes the local stress concentration and their effects on the degradation could be attributed to SAD, SCC and CF. Thus, the following factors mainly focus on the stress factors (involving loading frequency and mode) and dissolved oxygen gas (one commonly neglected factor).

### 3.4.1. Loading frequency {#sec3.4.1}

The frequencies of loading which vary with the activities *in vivo* affect the time-dependent degradation of Mg alloys [@bib60], [@bib65]. Most of the investigations on SCC or CF have been carried out at high frequencies of 5--20 Hz [@bib43], [@bib58], [@bib66] exceeding those in normal situations of 1--3 Hz in order to reduce the experimental time. It has been reported that frequency would influence the degradation behaviors. The study [@bib65] about the fatigue crack growth of extruded AZ61 magnesium alloy at different loading frequency under the condition of 50 °C and 80% relative humidity (RH) is performed. The result shows that the sample with the loading frequency of 1 Hz has higher fatigue crack growth resistance than that at 10 Hz. Similar results have been reported from AZ61 in a NaCl solution [@bib60]. In the low ΔK (stress intensity factor range) regime, the fatigue crack growth rate decreases with decreasing of frequency between 15 and 0.5 Hz and the frequency change does not affect the high ΔK regime. However, if the frequency is less than 0.05 Hz, the fatigue crack growth rates are higher than those at \>0.5 Hz. Therefore, it is important to perform cyclic dynamic experiments on Mg alloys at a low frequency that can better simulate the actual condition *in vivo*. The suitable bending fatigue test on Mg alloys for temporary implants is suggested to be at 1 Hz [@bib67], the normal walking frequency of adults, for 1 million cycles to represent the average human activity in one year.

### 3.4.2. Loading mode {#sec3.4.2}

Implants are subjected to complex and multi-axial loading *in vivo*. However, most dynamic cyclic loading tests have been conducted using constant loading in the single-tension or tension-compression mode, but implants experience step-wise dynamic loads during healing [@bib68], [@bib69], [@bib70]. Moreover, the loads are seldom applied along the central long axial to provide the absolute axial force and bending moment *in vivo*. The stress distribution in the implants during bending is thus different from those in conventional tension or tension-compression tests. Implants suffer from critical fracture or degradation at the middle surface where there is the largest strain [@bib71]. However, this phenomenon may not be observed from tension or tension-compression tests in which the stress is relatively uniform distributed. Therefore, it is important to conduct tests under realistic loading.

### 3.4.3. Dissolved oxygen gas {#sec3.4.3}

Most investigations on the influence of *in vivo* environment have been conducted using simulated solutions with adjusted ion concentrations and organic components in accordance with blood plasma [@bib72], [@bib73]. It has been demonstrated the ion concentration has significant influence on the degradation of Mg alloys by changing the composition and dissolution of the formed film [@bib74], [@bib75]. Another factor, dissolved oxygen (partial pressure pO~2~ in the body fluid is 28--78 mmHg [@bib76]), has not been studied in-depth. During degradation, O~2~ takes part in the following cathode reaction:$$\left. \text{O}_{2} + 2\text{H}_{2}\text{O} + 4\text{e}^{-}\rightarrow 4\text{OH}^{-}\text{.} \right.$$

The cathode reaction alters the degradation rate of Mg alloys and O~2~ in the solution undermines the fatigue properties of non-degradable metals [@bib76], [@bib77]. Morita et al. [@bib76] have investigated the influence of a small amount of O~2~ in the body fluid on the corrosion fatigue behavior of 316 L stainless steel and noticed that remarkable deterioration in the fatigue durability. The results are consistent with those obtained from animals. Additionally, O~2~ is an inhibitor of hydrogen gas-accelerated fatigue crack growth [@bib77] and it is important to fathom the effects of O~2~ in the solution on the degradation behavior of Mg alloys.

4. Response of biodegradable biopolymers to external stress {#sec4}
===========================================================

Degradable polymers are useful in temporary applications. However, it is imperative that the polymers are biocompatible and the degradation products are not toxic. Consequently, the choice of available materials is limited. Some common synthetic biodegradable polymers and applications are listed in [Table 2](#tbl2){ref-type="table"} [@bib78]. Among these materials, PLA, PGA, and their copolymers are most common.Table 2Common synthetic biodegradable polymers and representative applications [@bib78].Table 2Degradable polymersCurrent major bioapplicationsSynthetic degradable polyesters Polylactic acid (PLA), poly glycolic (PGA) and copolymersBarrier membrances, drug delivery, guided tissue regeneration (in dental applicaitons), orthopedic applications, stents, staples, sutures, tissue engineering Polyhydroxbutyrate (PHB), polygydroxyvalerate (PHV), and copolymersLong-term drug delivery, orthopedic applications, stapes stents PolycaprolactoneLong-term drug delivery, orthopedic applications, staples, stents PolydioxanoneFracture fixation in non-load-bearing bones, sutures, wound clipOther synthetic degradable polymers PolyanhydridesDrug delivery PolycyanoacrylatesAdhesives, drug delivery Poly(amino acids) and "pseudo"-poly(amino acids)Drug delivery, tissue engineering, orthopedic applicaitons Poly(ortho ester)Drug delivery,stents PolyphosphazenesBlood contacting devices, drug delivery, skeletal reconstruction Poly(propylene fumarate)Orthopedic applications

4.1. Influence of static stress {#sec4.1}
-------------------------------

Although the influence of mechanical stress on the chemical reaction of polymers, namely mechanochemistry, has been widely investigated, there have been few reports about the degradation of biopolymers *in vitro* or *in vivo* under external stress. The influence of static tensile loading on polymers is commonly evaluated by the modified Arrhenius equation as follows [@bib79], [@bib80]:$$\text{K} = \text{K}_{0}\ \exp\left\lbrack - \left( \text{E}_{\text{A}} - \text{ασ} \right)/\text{RT} \right\rbrack\text{;}$$where K~0~ is the Arrhenius frequency factor, K is the rate of bond-rupture events, E~A~ is the activation energy, σ is the tensile stress, and α is the coefficient. Static tensile stress increases the activation energy leading to the accelerated degradation of the biopolymers.

Tensile loading is applied on an electrospun poly(l-lactide-*co*-glycolide) (PLGA) scaffold and the degradation behaviors are studied [@bib81]. It shows that the molecular weight, thermal properties, and lactic acid release represent more extensive degradation compared to the absence of loading. Moreover, it seems the degradation of PLGA depends on the loading magnitude [@bib82]. In the tensile stress range between 0.1 MPa and 0.5 MPa, a higher tensile stress results in faster degradation and a combined load further enhances degradation [@bib83]. However, another study [@bib84]shows the tensile loads have no effect on the degradation of PGLA (90/10 poly(glycolide-*co*-L-lactide)) but a higher temperature accelerates degradation. The difference may be attributed to the smaller applied load than those adopted in other studies, suggesting that there may be a critical load below which degradation is less severe.

The applied stress applied in the above works is commonly tensile loading but single static compression loading is not performed. According to Equation [(3)](#fd3){ref-type="disp-formula"}, the stress works on the system and the influence of the applied stress mode does not affect degradation. In particular, the function of compression loading should be similar to that of tensile loading. However, a study on photodegradation of polymers shows that compressive stress retards chain scission whereas tensile stress accelerates photodegradation [@bib85]. The results suggest that stress affects not only the activation energy of degradation, but also diffusion of reagents [@bib85] and structure and physical parameters of the polymers [@bib86].

4.2. Influence of dynamic stress {#sec4.2}
--------------------------------

The physiological stress is dynamic *in vivo*. The influence of dynamic stress on the degradation of biopolymers has been investigated and [Table 3](#tbl3){ref-type="table"} summarizes the main results.Table 3Influence of dynamic stress on the degradation behavior of biodegradable polymers.Table 3PolymersDynamic stress modeFrequencyMain degradation effectsPLLA [@bib87]Compression1 HzNo significant influence on the degradation in the early period and promote degradation in the following stage.70:30 PLGA [@bib88]Compression1 HzA faster reduction in mass, dimensions of the PLGA scaffolds, while the relative molecular weight decreased slower in the first week and faster in the following stages.50:50 PLGA [@bib89]Compression0.5 HzLower molecular weight loss of the loaded specimens compared to the nonloaded specimens in a week immersion.PEG-PLA [@bib90]Compression0.3 Hz, 1 Hz, and 3 HzThe frequency has no influence at the low cross-linked gels while a higher frequency suggested a faster degradation at the high cross-linked gels.PLLA [@bib91]Tension1 HzA faster degradation under load condition.50:50 PLGA [@bib92]Bending0.4 HzNo significant influence on mass loss and molecular weight.

### 4.2.1. Cyclic compression {#sec4.2.1}

The influence of compression on the degradation of biopolymers is complex. A faster reduction in mass and dimensions of the PLGA scaffolds have been observed under cyclic compression during immersion for 12 weeks compared to that under the static condition. The relative molecular weight decreases slowly during the first two weeks, following by faster degradation compared to that under static conditions [@bib88]. A slower decrease of the molecular chain size during initial immersion has also been observed in the investigation of degradation of 50:50 PLGA *in vitro* [@bib89]. This rate reduction arises from collapse of the pores in the implant due to dynamic compression loading. Another study [@bib87] shows that cyclic compression does not affect degradation of PLLA in the early period, but promoted degradation is observed afterwards, suggesting that the influence of dynamic compression stress is related to the geometry of the specimens and the influence is more apparent in the later immersion stage. It should be mentioned that dynamic compression leads to enhanced fluid flow in and out of the specimen [@bib89] consequently enhancing diffusion of small molecules and causing mass losses.

### 4.2.2. Cyclic tension {#sec4.2.2}

As mentioned in section [4.1](#sec4.1){ref-type="sec"}, tension increases the degradation rate of polymers. Under cyclic tension, the enhanced fluid flow would further accelerate the degradation. Hayman et al. [@bib91] have compared the degradation properties of PLLA under static loading (0.5 N and 1 N) and dynamic tensile loading (0.125--0.25 N) at 1 Hz and observed that a larger static load increases the degradation of mechanical properties and dynamic loading further accelerates degradation which is more noticeable at a later time.

### 4.2.3. Cyclic bending {#sec4.2.3}

Cyclic bending is a kind of complex load mode. One study [@bib92] reports that cyclic bending has no significant influence on the mass loss and molecular weight change of PLGA in the 2-week interval, but protein release is enhanced. The increased protein release is attributed to cracks and poles caused by cyclic bending. However, the local degradation difference is not mentioned and the stress mode and magnitude is inhomogeneously distributed under bending while the outer section of the sample is under higher strain.

### 4.2.4. Effects of frequencies {#sec4.2.4}

The effects of the dynamic loading frequencies on the degradation behavior depend on the structure of the polymer. The study by Nicodemus et al. on PEG-PLA hydrogels suggests that the frequency causes no statistical differences in the degradation rates or bulk erosion profiles for the low cross-linked gels, but a higher frequency increases degradation in the higher cross-linked gels [@bib90].

4.3. Degradation prediction {#sec4.3}
---------------------------

It is critical to know and predict the change in the implant properties with time *in vivo*. As aforementioned, the polymer geometry and composition vary too much for a reasonable comparison and it is difficult to identify the quantitative relationship between the degradation properties and external stress. Nonetheless, one viable approach is by using the stress-modified Arrhenius equation [(3)](#fd3){ref-type="disp-formula"} to incorporate the stress factors into the degradation kinetics [@bib80], so that the properties of biopolymers can be calculated according to the relationship between the molecular weight and strength [@bib84], [@bib93]. Another approach is to establish a mathematic model on the basis of the experiment results. A polynomial formula with nine constants is proposed describe the relationship between mass losses under different loads with time [@bib82] and the simulation and experimental results are consistent. Since this model is only for the specific biopolymer, it is necessary to establish a more general model to the properties of loaded biopolymers.

Another approach for the mode to predict degradation as a function of strain based on thermodynamics [@bib71]. In this model, degradation is driven by strain alone while UV radiation, oxygen diffusion, and temperature are ignored. This model is used to predict the degradation of polymers under simple shearing and bending as shown in [Fig. 4](#fig4){ref-type="fig"}. This model describes the inhomogeneous degradation under pure bending quite well. The model is further developed for PLLA undergoing tensile deformation [@bib94], [@bib95]. A neo-Hookean material mode is adopted to describe the degradation by assuming the molecular weight reduction decreases the shear modulus of PLLA. However, there are still some deficiencies. For example, the self-catalytic effect which can affect the degradation rate is not considered.Fig. 4Plots of the degradation fraction as a function of time [@bib71] under (a) shear and (b) bending (b) loading with (a) indicating that degradation accelerates with decreasing the rate sensitivity index n and (b) showing that degradation is faster in the outer fibers since they are subjected to higher strain than those closer to the neutral axis.Fig. 4

5. Response of biodegradable ceramics to external stress {#sec5}
========================================================

Although biodegradable ceramic materials such as calcium phosphate, glass ceramics, and hydroxyapatite are extensively used in coatings to promote bone growth and osseointegration [@bib16], [@bib96], [@bib97], [@bib98], they tend to have poor mechanical strength and low toughness [@bib16], [@bib96], [@bib99]. In particular, their brittleness renders them more sensitive to the external stress which may spur crack initiation and propagation and increase the dissolution rate. A study [@bib100] on the stress--corrosion crack growth (SCCG) of Si--Na--K--Mg--Ca--P--O bioactive glasses in a simulated human physiological environment shows the breakage of Si-O bonds is considered the dominant mechanism. Reis and Monteiro [@bib101] have studied the structural changes in hydroxyapatite coatings plasma-sprayed on Ti-6Al-4V in aqueous media under cyclic bending. Dynamic bending increases dissolution of hydroxyapatite and immersion under static conditions for 2 years is equivalent to the cyclic test for 27.8 h in the same medium. In order to establish a quantitative model to evaluate the influence of stress, one common method [@bib102] for bioglasses is the modified Arrhenius equation [(3)](#fd3){ref-type="disp-formula"} and the enhanced degradation or breakage stems from the increased activation energy.

6. Conclusion {#sec6}
=============

Biodegradable materials have attracted immense interest in orthopedics. During healing, physiological stress plays an important role in bone formation and there is evidence that physiological stress influences the degradation rate and service life of BOM. The lack of knowledge on the quantitative relationship between the degradation properties of the biodegradable materials and external stress undermines the design of optimal biomedical implants. The external stress mode, magnitude, and frequency affects the degradation behavior of BOMs. It is thus important to conduct tests in the actual simulated stress mode and establish a quantitative model to predict the performance of BOMs under physiological stress. In addition, the mechanical interactions between biodegradable implants and tissues during the healing process require more investigation.
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